Aortic dissection (AD) is a complex and highly patient-specific vascular condition difficult to treat. Computational fluid dynamics (CFD) can aid the medical management of this pathology, yet its modelling and simulation are challenging. One aspect usually disregarded when modelling AD is the motion of the vessel wall, which has been shown to significantly impact simulation results. Fluidstructure interaction (FSI) methods are difficult to implement and are subject to assumptions regarding the mechanical properties of the vessel wall, which cannot be retrieved non-invasively. This paper presents a simplified 'moving-boundary method' (MBM) to account for the motion of the vessel wall in type-B AD CFD simulations, which can be tuned with non-invasive clinical images (e.g. 2D cine-MRI). The method is firstly validated against the 1D solution of flow through an elastic straight tube; it is then applied to a type-B AD case study and the results are compared to a state-of-the-art, full FSI simulation. Results show that the proposed method can capture the main effects due to the wall motion on the flow field: the average relative difference between flow and pressure waves obtained with the FSI and MBM simulations was less than 1.8% and 1.3%, respectively and the wall shear stress indices were found to have a similar distribution. Moreover, compared to FSI, MBM has the advantage to be less computationally expensive (requiring half of the time of an FSI simulation) and easier to implement, which are important requirements for clinical translation.
Introduction
Aortic Dissection (AD) is a life-threatening vascular condition initiated by a tear in the intima layer that allows the blood to flow within the aortic wall and leads to the formation of two distinct flow channels, the true lumen (TL) and the false lumen (FL), separated by the so-called intimal flap (IF) [1] .
The clinical decision-making process around Stanford type-B dissections (i.e. ADs involving only the descending aorta) is complex and patient-specific [2] . Surgical intervention is the preferred choice in the presence of complications, whereas 'uncomplicated' ADs (referring to ADs without complications, such as organ malperfusion, rupture, refractory pain or hypertension, at presentation) [3] are usually managed by controlling the blood pressure [4] . Long-term prognosis of medically treated ADs remains poor, with aortic dilation and late-term complications reported in 25-50% of the cases within 5 years [5] .
Patient-specific computational fluid dynamics (CFD) can inform the decision-making process around the disease and aid the identification of patients prone to adverse outcomes by providing detailed information about haemodynamic factors [6] [7] [8] [9] . Moreover, numerical models may support clinicians by virtually simulating different interventional strategies [10, 11] .
The use of three-dimensional (3D) rigid models that neglect the effects that vessel wall motion exerts on the fluid dynamics has been shown to impact simulation results considerably [12] . Vascular compliance, IF motion and the critical role of haemodynamics on AD prognosis (e.g. tear propagation and rupture) necessitate the use of more advanced fluid-structure interaction (FSI) approaches to simulate the flow in this complex aortic condition. FSI couples CFD simulations with finite element modelling (FE) of the aortic wall; however, this method is subject to significant and additional modelling assumptions regarding the mechanical properties of the vessel, which are patient-specific and not known for the case of AD [13] . In addition, FSI models are difficult to setup and demand significant computational effort to be resolved. ADs are arguably one of the most challenging aortic pathologies to simulate and hence it is not surprising that there are only a handful of studies on AD accounting for wall motion in the literature [12, 14, 15] . Chen et al. [16] recently presented an FSI model of an idealised dissected porcine aorta without re-entry tear, assuming a homogeneous linear-elastic material model. The study presents a first attempt to validate AD FSI simulations against bench experiments.
Two key objectives of patient-specific modelling and simulation for clinical support are a) to gather as much information as possible from the patient, if possible, via non-invasive techniques and b) to perform detailed computations in clinicallymeaningful timescales. Neither is currently achievable with FSI due to the lack of patient-specific arterial wall properties and associated high computational costs mentioned above.
However, imaging can help in this respect by providing significant patient-specific detail on the motion of the wall and the IF. With this in mind and in view of the aforementioned limitations of FSI, this paper presents a simplified and computationally efficient method to account for the motion of the IF and vessel compliance in type-B AD CFD simulations, circumventing the need to use full-FSI techniques. The 'moving-boundary method' (MBM) presented here can be tuned with non-invasive patient-specific measurements (e.g. two-dimensional cine magnetic resonance imaging, 2D cine-MRI). It aims at capturing the main fluid dynamic effects due to the fluid-solid interaction by representing the motion of the vessel wall and IF in a simplified, and yet meaningful way. It adopts a physiologically-supported calculation based on pressure differences and fluid forces calculated in the computational domain along with wall stiffness estimated in different regions of the vessel.
A description of the proposed method is presented in the following section, including its validation against the one-dimensional (1D) solution of flow through an elastic straight tube. The MBM is then applied to a type-B AD case, which was previously simulated with full-FSI [12] . In order to directly compare both methods, displacement data available from the FSI simulation was taken as the benchmark upon which the MBM was tuned. Results for both cases are presented and discussed in Section 3, including the comparison of haemodynamic results obtained with the MBM and FSI simulations of the AD case. [17] . The tuning of Ki and Kj is based on patient-specific displacement data obtainable, for instance, from cine 2D MR images. In this study, the MBM was implemented in ANSYS-CFX 17.0 (ANSYS Inc., PA, USA). The mesh motion was obtained by specifying the displacements of the boundaries following Eqs. 1 and 3, defined in CFX via the CFX Expression Language (CEL) [18] . The mesh displacement equations were solved so as to obtain an implicit two-way coupling between mesh motion and fluid dynamics.
2.2
Flow in an elastic straight tube
The flow through an elastic straight tube was studied to provide a preliminary validation of the proposed method, and to prove its ability to capture wave transmission phenomena. The solution obtained with a 3D model implementing the MBM was compared to the solution of a 1D elastic tube, which is a common approach in the study of wave propagation in the arteries and has been thoroughly validated in the literature [19] [20] [21] .
The parameters of the tube resemble those of a healthy human aorta, and were taken from Alastruey et al. [20] . The tube has a length l = 40 cm, an initial lumen radius r = 1 cm, a wall thickness h = 1.5 mm and a Young's modulus E = 0.4 MPa. The blood was modelled as a Newtonian fluid (density ρ = 1056 kg/m 3 , dynamic viscosity μ = 3.5 cP). At the inlet, a periodic flow waveform was applied, with the systolic phase modelled as a half-sinusoidal waveform, and the diastolic phase as zero-flow [20] (mean flow Q = 3.8 l/min, cycle period T = 0.8 s, systolic phase Tsys = T/3). A three-element Windkessel (WK3) model was coupled at the outlet. WK3s are electrical analogues of the downstream vasculature and consist of a proximal resistance, R1, connected to a compliance, C, and a distal resistance, R2 (Fig. 1a) . WK3 parameters were taken from Alastruey et al. [20] (R1 + R2 = 1.418 mmHg s ml -1 , C = 0.840 ml mmHg -1 ). R1 was set equal to the characteristic impedance of the elastic tube (R1 = 0.155 mmHg s ml -1 ), and an outflow pressure Pout = 9.98 mmHg was considered.
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A 3D model of the tube employing the MBM was implemented in ANSYS-CFX 17.0. The parameter Ki was derived from the distensibility of the tube, , calculated according to Eq. 4 [22] :
A 1D model of the elastic tube was implemented in 20-sim (Controllab Products B.V., The Netherlands). As proved by Milišić and Quarteroni [19] , a finite number N of lumped parameter (0D) models can discretise a linear continuous 1D model at first-order accuracy in space. Thus, the 1D model was discretised with N = 40 0D models, each of which were made of a resistance R0D, an inductance L0D and a capacitance C0D (Fig. 1a) , with parameters calculated according to Rudenick et al. [23] . The resulting equations were solved using the backward Euler method.
The pressure (P) and flow (Q) waves obtained with the 3D and 1D models were compared using the following average relative difference metrics [24] :
where Nt is the number of time points over a cardiac cycle where the comparison was made (i.e. simulation time-steps in a cardiac cycle). 
Aortic dissection case study
The MBM was applied to an AD case study investigated in previous work by Alimohammadi et al. [12] using an FSI methodology; the reader is kindly referred to this publication for details about the FSI model setup. 
. Geometry and mesh
The 3D flow domain was generated from the geometry used for the FSI model, representing an acute type-B AD of a 54-year-old female patient. The original geometry was extracted from a computed tomography (CT) scan of the entire aorta performed with a 64-slice Siemens scanner (Siemens AG, Germany; in-plane resolution=0.7 mm, inter-slice distance = 0.7 mm; for details on the image segmentation the reader is referred to our previous work [12] ). The geometry did not include the abdominal aortic branches and renal arteries because the CT scan resolution did not allow an accurate segmentation of these small arteries. The surface of the IF was discretised in roughly 200 patches (average surface area = 22 ± 12 mm 2 ) with the aid of the +NURBS module of ScanIP image-processing software (Synopsys Inc., CA, USA).
The fluid volume was discretised using ICEM-CFD (ANSYS Inc.) with an unstructured tetrahedral mesh in the core region and 7 prism layers at both IF sides and vessel wall, with dimensionless height of the near wall cells (y + ) < 1. The mesh was created using the same parameters adopted for the fine mesh used in the FSI model, for which a mesh sensitivity analysis checking for Time-Averaged Wall Shear Stress (TAWSS), Oscillatory Shear Index (OSI) and velocity variables was carried out, as described in the paper by Alimohammadi et al. [12] . The grid consisted of about 483,000 elements.
Boundary conditions
In order to perform a comparison between the MBM and FSI models, the same CFD boundary conditions (BCs) and fluid properties employed in our previous work [12] were applied to the MBM model. Blood was modelled as an incompressible fluid with a density of 1056 kg/m 3 and a non-Newtonian viscosity described by the Carreau-Yasuda model, with parameters from [25] . The shear-stress transport turbulence model was used with 1% turbulence intensity at the inlet, as in our previous work [12] . The fluid flow and mesh motion BCs are detailed in Table  1 . WK3 models were coupled at the outlet branches with parameters shown in Table 2 . The mean Reynolds and Womersley numbers, based on the inlet diameter of the aorta, were equal to 831 and 25, respectively. The peak Reynolds number was 4252, which is close to the critical Reynolds number for transition to turbulence calculated as in Peacock et al. [26] .
Model-tuning procedure based on displacement data
The clinical dataset available for the studied AD case lacked in vivo wall motion images. Thus, as a proof-of-concept of the proposed method and for validation purposes, we used displacement data generated from the FSI simulation [12] to tune the MBM. Nonetheless, the procedure described here can be generalised and implemented using clinicallyobtained motion data (e.g. 2D cine-MRI). 
CFD simulations
The Navier-Stokes equations were solved with ANSYS-CFX 17.0 with a time step of 0.01 s. For each simulation, the periodic steady-state was achieved within 3 cardiac cycles after appropriate initialisation, and the results of the last cycle were used for the analysis.
For comparison purposes, a rigid-wall simulation with the same BCs and geometry of the FSI model was performed. It should be noted that the purpose of running a rigid-wall simulation was not to set-up a 'patient-specific' rigid-wall model, matching the pressures and flow-distribution for the patient under study, but to showcase the effects that walldeformation alone has on the simulation results. For this reason, the same BCs of the FSI model were used.
3 Results and discussion 3.1 Flow in an elastic straight tube
The solutions obtained with the 3D and 1D models are compared in Fig. 1b . The flow-rate at the tube outlet and pressure waves at the inlet and outlet of the elastic tube are in close agreement (∆% = 0.8% , ∆% = 0.3% , ∆% = 0.4% ), demonstrating the ability of the MBM approach to model wave propagation due to vessel compliance in a 3D simulation.
Aortic dissection case study
The pressure and flow-rate waves obtained at the AD model's inlet and outlets with the different methodologies (FSI, MBM, rigid) are shown in Fig. 2 .
The MBM and FSI results are in close agreement, with an average relative difference less than 1.8% and 1.3% for the flow and pressure waves, respectively (calculated following Eq. 5, where MBM and FSI were considered instead of 3D and 1D simulations, respectively). A good synchronisation between the 8 waves computed with the two methods can be seen, indicating that the MBM can successfully capture wave transmission phenomena due to vessel compliance.
On the other hand, the flow and pressure waves obtained assuming a rigid wall, as expected, advance noticeably faster and exhibit higher peak values. For instance, the peak pressure predicted at the inlet of the rigid model (Psys,rigid = 104.20 mmHg) is 3.7% higher than that predicted by the FSI simulation (Psys,FSI = 100.52 mmHg), while the MBM simulation reduces the difference to 1.7% (Psys,MBM = 99.15 mmHg).
Wall displacement results at peak-systole (Fig 3a) show that both MBM and FSI models (Fig. 3a) predict similar expansion of the ascending aorta due to the vessel compliance. The same is true for the motion of the IF towards the TL in the distal part of the dissection, where the transmural pressure (TMP) magnitude is higher than the one in the proximal and inter-tear regions (Fig. 3b) .
Pressure differences between TL and FL might provide important diagnostic and prognostic information [28] , but cannot be easily assessed in the clinic. For instance, higher pressure in the FL can lead to further expansion, or even rupture of the FL, whilst causing a narrowing of the TL [5, 7] . The transmural pressure, TMP, obtained with the FSI and MBM Figure 2 : Comparison between pressure and flow-rate waves obtained at the inlet and outlets of the AD model by the FSI (solid line), MBM (dashed line) and Rigid (dotted line) approaches. The reported results refer to the simulations at the periodic steady-state which was determined by comparing the pressure and flow waves obtained in two successive cardiac cycles at the inlet and each outlet. The periodic steady-state was reached when the maximum relative errors between the waves were less than 1%. models at three different locations along the AD is shown in Fig. 3 (TMP = PTL -PFL, where PTL and PFL are the average pressures in the TL and FL, respectively). The TMP curves along the IF are relatively well-matched throughout the cardiac cycle, with a maximum difference of 0.4 mmHg in the intertear region of the IF.
Other useful markers that can be extracted from CFD simulations are the Wall Shear Stress (WWS)-based indices, such as the TAWSS and the OSI [29] . WSS is thought to affect the growth and enlargement of the FL [30] [31] [32] ; for instance, it has been recently reported by Doyle and Norman [5] that areas of low TAWSS may be correlated to regions of rapid local expansion in Type-B AD. The TAWSS distributions obtained with the FSI, MBM and rigid wall models are shown in Fig. 4 . The simulations predict qualitatively similar distributions characterised by areas of elevated TAWSS in the upper branches (i.e. BT and LCC) and in the distal TL, and very low TAWSS values in the proximal and distal regions of the FL. The maximum TAWSS value in the distal TL predicted by the MBM method is 23% lower compared to that predicted by the FSI simulation. This difference is attributed to the geometric approximation of the IF as a zero-thickness membrane in the MBM model, which results in a larger TL crosssectional area (up to +16% in the locations where the TL section is smallest) compared to the FSI model. In contrast, the rigid model overestimates the TAWSS in the TL by around 20% compared to the FSI simulation, as pointed out by Alimohammadi et al. [12] . However, these TAWSS magnitude differences might not be significant in the context of clinical interpretation of the results; most likely any changes to the TAWSS distribution due to, for example, simulated interventions, would be equally wellpredicted by all three approaches.
The OSI distributions obtained with the three simulation approaches are reported in Fig. 5 . The OSI varies considerably throughout the domain except for the proximal and distal parts of the FL, where the MBM and FSI models predict consistently high values. On the other hand, the rigid model predicts A comparison between the computational requirements of the three simulation approaches is given in Table 3 . While the rigid model simulation is significantly faster than the moving-wall ones, the MBM simulation takes only half of the time required by the full FSI simulation. This is because the MBM does not require an FE solver for the description of the vessel structure. The purpose of this method is not to study in detail the deformations and stresses arisen in the vessel tissue, as done by FSI techniques, but to take account of the effects the motion of the vessel induces on the fluid dynamics. These effects usually include a relevant phase-lag of the blood flow and pressure waves between the inlet and outlet of the vessel, a reduction of peak flow-rates and pressures, and a non-zero net flow in the closed-end parts of the vessel lumina that affects clinically relevant WSSindices, and cannot be captured by rigid-wall simulations.
Limitations
A limitation of the proposed method derives from the approximation of the IF as a zero-thickness membrane. This geometric approximation leads to an error in the lumina's cross-section area, which can affect the computed fluid dynamic variables (e.g. TAWSS) as discussed above. Moreover, the assumption of a circular cross-section used to estimate the vessel distensibility could be critical when the cross-section of the dissected aorta largely deviates from the physiological shape. Due to the high complexity and heterogeneity of ADs, careful consideration needs to be given to each case, and it is up to the modeller to assess if these approximations are appropriate for the specific case under analysis.
The MBM implements a linear, elastic relationship between wall displacement and fluid forces. Although it is well known that the stress-strain relationship of the vessel wall is nonlinear in general, this simplified assumption was considered reasonable for this analysis on the basis of the following grounds: firstly, experimental evidence suggests that the assumption of a linear constitutive relation for the arterial wall is justified in the range of physiological pressures [33] ; secondly, the limited availability of data on the viscoelastic properties of the arterial wall in the literature [21] and its alterations in disease, implies that using more advanced constitutive relations would introduce additional complexity and uncertainties on the model parameters.
As discussed in the paper by Alimohammadi et al. [12] , the displacements obtained for this case study are comparable to those reported by clinical imaging studies [17, 27] . However, in some acute settings, abnormal motion of the IF leading to the obstruction of distal aortic branches can be observed [34] . The upper limit of displacement magnitude that can be resolved by mesh-based computational models is dictated by the deformation of the mesh. Large deformations could lead to poor mesh quality and negative-volume elements, causing the solver to stop. In these cases, the use of automatic re-meshing techniques could be a viable solution [18] .
It should be emphasised that in the present study the MBM was tuned using the displacements obtained by an FSI simulation as input, with the purpose of comparing the two methods and validating the proposed approach. However, the MBM can potentially be applied in the clinic using imaging data as input, e.g. cine-MRI, as it has been demonstrated in [15] , in which an AD model featuring a compliant wall implemented with the MBM was informed by cine-MRI. Future work will apply the developed tool to study a small cohort of patients for further validation.
Conclusions
Through an AD case study, this paper proposes a valid and computationally efficient method (compared to FSI) to account for wall motion in CFD simulations of AD. The good match obtained between MBM and FSI results suggests that the MBM method can capture the relevant effects of the vessel wall motion on the haemodynamics. Compared to FSI, the MBM method has the advantage to be less computationally expensive and easier to implement, which are critical features in the context of clinical use. Moreover, it can be easily tuned with patient-specific vessel motion data obtained non-invasively in the clinic (e.g. via 2D cine MRI) allowing the estimation of the wall stiffness in different regions of the vessel, thus reducing possible errors introduced by using constitutive models with parameters taken from the literature. Since the mesh motion is not imposed, but rather modelled via simple linear equations relating the fluid forces to the displacement of the boundaries, once the parameters have been tuned, the model can be used to simulate different haemodynamic conditions, for instance, allowing the evaluation of possible treatment strategies. In conclusion, this study demonstrates that the MBM is a promising simplified alternative to the more complex and expensive traditional FSI approaches.
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